Introduction
Hip fractures are a major health problem for older adults. Approximately 20% of older adults hospitalized for a hip fracture die within a year and about 50% will suffer a major decline in independence [1, 2] . Fracture risk increases exponentially with age, and given the aging of the population, the global incidence of hip fracture is projected to increase 4-fold to six million annual cases by 2050 [3] .
More than 90% of hip fractures are due to falls, and external "hip protectors" (wearable pads or shields typically embedded in an undergarment) represent an attractive strategy for reducing femoral impact force and preventing hip fractures in high-risk elderly individuals. However, clinical studies have yielded conflicting results on the clinical effectiveness of hip protectors [4] [5] [6] . This is thought to be due to several reasons including poor adherence among users in wearing the device (averaging approximately 50%), problems in research design, and lack of accepted techniques to measure the biomechanical performance of hip protectors. Because properly designed clinical trials are very costly, it is important to evaluate hip protectors under laboratory conditions that accurately simulate the clinical setting before embarking on clinical trials.
However, there is a lack of agreed-upon standards for such laboratory tests, and there are conflicting reports on the force attenuation provided by specific devices from researchers using fundamentally different test systems [7] [8] [9] [10] [11] [12] . Furthermore, investigators have shown that the force attenuation provided by hip protectors is influenced by features of the test system, such as soft tissue stiffness [13] , soft tissue thickness [14] , surface geometry [8, 13] , and impact velocity [13, 15] . The lack of testing standards has made it difficult for manufacturers to optimize their products and for clinical researchers to select the best available product for use in clinical trials. It has also hindered efforts to educate consumers and introduce market regulation of hip protectors.
The International Hip Protector Research Group (IHPRG) has been working to develop recommendations for (1) standard techniques for measuring the biomechanical performance of hip protectors and (2) the design of future clinical trials of hip protectors. This paper presents our recommendations on biomechanical testing. A companion paper addresses the design of clinical trials.
Methods
The IHPRG was formed in 2007 to address perceived barriers to the clinical value of hip protectors. Funded by the Canadian Institutes for Health Research, the group consists of international experts in biomechanical engineering, epidemiology, orthopedics, and gerontology. We met by regular teleconferences throughout 2007 and 2008, had a face-to-face meeting in Copenhagen in November of 2007, and participated in frequent email discussions.
The current paper is a consensus document from the group concerning recommended characteristics of testing systems for measuring the biomechanical performance of hip protectors. In particular, we focus on recommended techniques for measuring the ability of hip protectors to reduce the peak axial compressive force applied to the femoral neck (which we refer to hereafter as the "peak force" or "peak compressive force") when worn by a typical older woman who falls from standing height and lands on her hip. We focus on women instead of men because they have a 3-fold greater lifetime risk for hip fracture [16] . We acknowledge that other issues influence the overall value of hip protectors including (but not limited to) their ability to reduce peak force in older men, their ability to reduce peak forces over a range of fall directions, and their ability to reduce the peak magnitude of components of load at the proximal femur other than axial compression (such as bending and torsional moments and shear forces); the durability of the protector to repeated laundering (or repeated impacts); the potential for movement of the protector from its intended location; the effect of variations in temperature and humidity on the provided force reduction; the risk for skin damage related to prolonged use and movement over vulnerable skin; and aesthetic considerations related to device thickness and garment design. However, these issues are not addressed in the current paper.
Below, we provide a brief overview of previously described systems for evaluating the biomechanical performance of hip protectors. We then provide recommendations on the desired characteristics of a "standard" hip protector testing system the elements of which have been incorporated into test systems at three test sites in the UK (the respective laboratories of coauthors Minns, Evans, and Plant). These systems incorporate key design features of other systems [7, 11, [13] [14] [15] but are relatively straightforward to construct and duplicate. Several coauthors (Lauritzen, Minns, Evans, Plant, and Robinovitch) have been involved since 2005 in efforts to develop a standard for hip protector testing by the Surgical Dressings Manufacturers Association (SDMA) in the UK, and the SDMA recommendations are similar to those described here.
Results and discussion

Hip protector design philosophy
Hip protectors are designed to reduce peak force at the proximal femur (and fracture risk) by either decreasing the stiffness of the contact site (greater trochanter) or by forming a bridge over the trochanter to shunt the energy of the fall to surrounding regions where it can be absorbed more safely. Hip protectors have traditionally incorporated plastic shells for enhanced energy shunting and force distribution [17, 18] . However, recent attention has shifted to soft shell (foam) protectors which lack a rigid shell and may provide better comfort and adherence [19] [20] [21] . In the design of both types of protectors, there is a compromise in selecting a pad thick enough to provide reasonable force attenuation, but not so thick that it negatively affects the wearer's body image, and is deemed unacceptable to the wearer. The perceived need for a slender profile is the primary constraint to the development of biomechanically effective hip protectors, and several investigators have suggested rapidly deploying "airbag-like" inflatable devices as a future direction for hip protector development [22, 23] .
Strength of the proximal femur during a fall An appropriate measure of the protective value of a hip protector is the amount it reduces the peak compressive force at the proximal femur during a simulated fall below the value that is expected to cause hip fracture in the target population. To determine reasonable estimates for the latter parameter, we reviewed results from 16 studies that reported the "strength" of elderly cadaveric proximal femora tested in a fall loading configuration defined as the compressive force (measured at either the greater trochanter or acetabulum) that produced fracture [24] [25] [26] [27] [28] [29] [30] [31] [32] [33] [34] [35] [36] [37] [38] [39] . These data indicate a profound effect of both age and gender on femoral strength (Table 1) . For studies in which male and female data were combined, the median femoral strength averaged across all studies was 3,472 N (range, 2,110 to 4,354 N), and the median standard deviation was 1,534 N (range, 695 to 1,886 N). For studies that reported age-specific values [29] , the mean femoral strength was approximately 50% lower for specimens from older than from younger adults (3,770 N for specimens of mean age 74 years (SD=7 years) versus 7,550 N for specimens of mean age 33 years (SD=13 years)). In specimens from older adults (median age=82 years for female and 78 years for male), the median femoral strength was approximately 30% lower for female than male specimens (2,966 versus 4,220 N). Rate of deformation appeared to have a minimum effect on femoral strength with mean values being approximately 10% higher for studies involving loading rates of 100 mm/s or higher when compared with those involving rates of 14 mm/s or less.
Current approaches to hip protector testing
There are various descriptions in the literature of mechanical test systems to evaluate the attenuation in peak force provided by hip protectors during a simulated fall [7-11, 14, 15] . While the approach in designing these systems has generally been to simulate a worse-case fall in a frail older adult, the systems have, in fact, differed substantially in the surface geometry and mechanical properties (mass, stiffness, and damping) of the simulated hip and pelvis, the impact velocity and kinetic energy involved in the test, and corresponding estimates of the force attenuation provided by existing hip protectors. This is due, in part, to the scarcity of biomechanical studies on the dynamics of falls, which represents a crucial research priority. In particular, more information is needed about the fallinduced forces applied to the greater trochanter of the proximal femur at the time of the fall impact. Below, we summarize the best evidence from existing studies in this area.
Effective mass, effective stiffness, impact velocity, and impact energy
The purpose of a fall impact simulator is to provide an accurate estimate of the peak compressive force applied to the proximal femur during a fall and the reduction in force provided by a hip protector. In this section, we discuss how, in order to achieve this, the system must accurately simulate the anatomy of the human pelvis, the impact velocity of the hip just before it impacts the ground, and the effective mass and stiffness of the body during the impact.
We start by considering the simplest possible model capable of describing force generation during impact to the hip. Previous experiments indicate that, during impact to the hip, the body vibrates with a single natural frequency reflecting vertical movement of a single effective mass resting on a parallel spring-damper support [40] [41] [42] [43] . In general, the force developed by a spring is proportional to its deflection, while the force developed by a damper is proportional to its velocity or rate of deflection. Evidence also suggests that damping has a relatively modest effect on peak force and may therefore be ignored [44] . Next, consider that, during a fall, the initial potential energy of the body during standing (mgh) is converted first to kinetic energy at impact (mv 2 /2) and then to elastic strain energy in the body spring (F 2 /(2k)), where m is the effective mass (in kilograms), h is the fall height (in meters), v is the impact velocity (in meters per second), F is the peak force (in Newtons), and k is the effective stiffness of the body (in Newtons per meter). Accordingly, the peak compressive force generated during impact in this unpadded case can be estimated as:
Finally, consider that, when an individual wears a hip protector of stiffness k p (which acts in series with the body spring k), the peak force is:
and the attenuation in peak force provided by the hip protector is:
Equations (1)- (3) clearly show that the attenuation in peak force provided by a hip protector will depend not only on the stiffness of the protector k p (increasing with decreases in k p ) but also on the stiffness of the body (increasing with increases in k). Furthermore, the baseline peak force will depend on the impact velocity v and effective mass m. Accordingly, in order to provide accurate measures of the protective value of a hip protector, a hip impact simulator must closely match each of these parameters. It is important to note that, while different combinations of effective mass, stiffness, and impact velocity (or drop height) can provide the same baseline force, an overly stiff system will overestimate the reduction in peak force provided by a given hip protector. It will also necessitate the use of too small an effective mass, giving rise to an underestimate of the time to peak force. Conversely, an overly compliant test system will tend to underestimate the reduction in peak force provided by a hip protector.
The question then arises: what are reasonable estimates of effective mass, effective stiffness, and impact energy of the body during a fall on the hip? Experiments involving young adults falling onto gym mats [45, 46] indicate that, when no attempt is made to slow the body's downward velocity during descent (simulating a worse-case fall), the impact velocity of the hip averages 3.01 m/s (SD=0.83 m/s), and the kinetic energy of the entire body at the moment of hip impact averages 307 J (SD=90 J). There is less agreement on the issue of the effective mass and stiffness of the body during impact. We conclude that the anatomic and biomechanical characteristics that determine these values are complex and that more research is required on this topic. To date, the best available estimates are from drop tests (or "pelvis release experiments") which measure the impact response of healthy young adults during low-velocity falls on the hip [41, 42] . These indicate that, in the case of the knee and hand contacting just before the hip, the average effective mass m during impact for young women is 33 kg (SD=11 kg) or just less than half body mass, and the average effective stiffness k is 39 kN/m (SD=16 kN/m). The effective mass is influenced by all body segments moving with a nonzero vertical velocity at the time of impact to the hip. The effective stiffness is due primarily to three components: (1) the compressive stiffness of the soft tissues overlying the hip region, (2) the compressive stiffness of the pelvic bones themselves, and (3) the stiffness of the articulations between the trunk, pelvis, and lower extremities. The primary limitations of these measurements are that they are derived from young volunteers and that the impact velocity (and thus the peak force and peak deformation) of the hip is small compared with the case of real falls. Clearly, additional research is warranted to measure agerelated changes in effective stiffness. However, one can anticipate that slender older adults at greatest risk of hip fracture will have greater effective stiffness resulting from decreased soft tissue over the hip and increased calcification and stiffness of the pelvic articulations, and decreased effective mass. They may have less effective protective responses when landing from a fall (e.g, ability to break the fall with the outstretched hand) and increased velocity at the moment the hip strikes the ground. Accordingly, we suggest that test system utilize an effective falling mass of 28 kg (the (mean + 0.5*SD) measured in young women) with an acceptable range of 22-33 kg), a compressive stiffness for the pelvis of 47 kN/m (the (mean + 0.5*SD) measured in young women) with an acceptable range of 39-55 kN/m), and an impact velocity of 3.4 m/s (the (mean+0.5*SD) measured in young adults). Future research should focus on the development of more advanced test systems, which allow for the adjustment of impact velocity, pelvic stiffness, and effective mass in order to determine how hip protectors perform for individuals of different body types and different fall severities.
Delivering the impact energy: drop tower versus impact pendulum
All test systems use a falling mass to generate impact energy (Fig. 1) , which may either fall vertically by a drop tower [7, 9, 14] or in a curved path by a pendulum [11, 15] . Both options are acceptable. However, care is required in the case of a drop tower to avoid binding between the falling mass and the guides during impact, while, in the case of a pendulum, the effective mass and any compliance in the pendulum arm must be factored in when calculating the total effective mass and stiffness, respectively. In both cases, sensors are required to accurately measure the impact velocity of the mass and match this to the desired fall velocity of 3.4 m/s. There are several methods for achieving this, including rotational potentiometers, linear position or velocity transducers, or motion capture systems.
Proximal femur: geometry, mechanical properties, boundary conditions, and orientation The proximal femur model is clearly a vital component of the test system. A variety of geometries have been used ranging from the composite femur manufactured by Sawbones [11, 14] to a metallic replica of similar geometry [7, 9] . There is a general consensus that the local deformation of the femur is either negligible or can be represented elsewhere as part of an overall system compliance, and so, more durable materials such as steel or aluminum can be used. The boundary conditions on the femur in vivo are complex and not well understood. Previous systems have either supported the femur at a single proximal point [11] or at both distal and proximal locations [7, 9, 14] . Since the point of application of the impact force is close to the femoral neck, the fraction of the peak force that is carried by a distal support is small, and it seems reasonable to use only a single support, provided the load cell can tolerate some bending moment. In most test systems, the impact force is applied in the plane formed by the axes of the femoral neck and femoral shaft, which corresponds to internal rotation of the femoral neck of about 12°or what Pinilla and colleagues described as a typical body configuration at impact from a sideways fall [37] . The angle of the femoral shaft with respect to the horizontal has been set to either zero (simulating impact to the knee simultaneous with the hip [11] ) or approximately 10° [7, 9] .
Force measurement and filtering
The primary output from most hip impact simulators is the peak compressive force applied to the proximal femur. Usually this is measured with a single axis load cell located within the femoral neck [11, 15] or acetabulum [14] at a sampling frequency of 1,000 Hz or higher. Alternatives include a triaxial load cell [7] or button load cell at the greater trochanter [9] . Care is required to select a load cell that has a resonant frequency far higher than the characteristic frequencies associated with hip impact, to ensure correct seating and preloading, and to ensure the device is not subjected to excessive off-axis forces.
Low-pass filtering of the force signal is often required to remove higher frequency artifacts superimposed on the main waveform (Fig. 2) . However, caution should be exerted in selecting a filter which does not unduly influence the underlying main waveform. Ideally, filtering should be applied in the digital domain, so that the effect of filter parameters can be evaluated. Typically, we find that the energy content of the main waveform is focused at approximately 5 Hz, and that of the secondary (artifact) waveform at approximately 80 Hz. Accordingly, a fourth order, recursive Butterworth filter with a cut-off frequency Fig. 2 ) has too great an effect on the underlying main waveform. In any case, the cut-off frequency must be less than the one-half the sampling frequency to avoid aliasing artifacts.
Surface geometry of the pelvic model and trochanteric soft tissue stiffness
The anatomy and surface geometry of the pelvic model and stiffness of the simulated soft tissues are very important, since these parameters influence the contact area and protrusion of the pad or shield during impact, and the distribution of force to the underlying skeletal structures. More specifically, the manner in which the impact force is ultimately transferred into the bony femur and pelvis is determined by the combination of surface geometry, soft tissue stiffness, and design characteristics of the hip protector. With regard to surface geometry, Minns utilized a CNC-machined form that matched the surface geometry measured on young women having an average body mass index (22.6 kg/m 2 ) similar to that reported for hip fracture patients [9] . Laing and Robinovitch recently reported 3D coordinates describing the average surface geometry of the hip, buttock, and anterior thigh region of elderly women, which they incorporated into their test system [13] . Derler et al. [7] developed a hip surface geometry based on anthropometric data for a 50th-percentile woman. Most test systems have simulated the compliance of trochanteric soft tissues with foam rubbers or elastomers of varying density [7, 9, 11, [13] [14] [15] 47] . However, experimental data describing the mechanical behavior of the soft tissues around the hip is limited, especially in the frailest elderly who are highest risk for hip fracture. Laing et al. conducted indentation tests to measure the stiffness of trochanteric soft tissue over nine hip regions in elderly women [13] . However, measures were not acquired at high strain rates. Robinovitch et al. conducted impact tests on trochanteric soft tissues harvested from cadavers [48] and provided gross measures of the energy absorption and force attenuation capacity of these tissues and how this varies with tissue thickness. In that study, the thickness of soft tissues at the trochanteric bursa (measured by a needle probe) ranged between 8 and 45 mm, and averaged 24 mm. For a constant impact energy, peak force at the femoral neck decreased with tissue thickness at a rate of 71 N/mm. Three other studies have examined the thickness of soft tissues over the greater trochanter in living older adults. Minns et al. measured this parameter with ultrasound with participants lying on their side and reported an average value of 18 mm in older women who fractured their hips (n= 20) and 28 mm in an aged-matched control group (n=12) [47] . Bouxsein et al. [26] determined this parameter from whole-body dual-energy X-ray absorptiometry (DXA) scans acquired with participants lying supine. Average values were 40.4 (SD=16.7 years) for women who suffered hip fracture (n=21) and 49.8 (SD=16.8) mm for age-matched controls (n=42). Using a similar technique, Nielson et al. [49] reported the trochanteric soft tissue thickness in older men to average 29.1 mm (SD=11.9 mm) for hip fracture patients (n=70) and 31.0 (SD=11.5 mm) for controls (n=222). Clearly, additional work is required to characterize the regional variation over the hip in geometry and mechanical properties of soft tissues (including compressibility, strain rate dependence, anistropy, and force-dependant nonlinearities), and to develop surrogate tissues that can accurately simulate this behavior.
Peak force and rise time characteristics As described previously, the peak force during impact is governed by the impact velocity, the total effective mass, and the total effective stiffness of the body. These same parameters govern the natural frequency of vibration and the time to peak force (or "rise time"). Data from drop tests on volunteers illustrate that, during unpadded impacts, the time to peak force should be around 30 ms and the total impact duration should be around 100 ms [40] . The 30-ms rise time provides an important check of the system "biofidelity" since rigid systems such as that used in EN1621 will provide much shorter rise times [50] . Furthermore, for an impact energy of 250 J, peak force at the femoral neck in the unpadded case should be approximately 4 kN. Together, these characteristics define the overall behavior of the test system. It is important that any proposed system should correctly reproduce these features. As discussed previously (in the section "Strength of the proximal femur during a fall"), a force of 4 kN at the femoral neck is well above the median force required to fracture the proximal femur of older woman, and just below that required to fracture the femur of older men.
Hip protector placement
The position of a hip protector relative to the greater trochanter and femoral diaphysis may strongly influence its capacity to attenuate peak force, and in the case of hard shell designs, the interface pressure between the skin and the protector [47] . Hip protectors may be misplaced from their intended position by shifting of the garment during use, lack of understanding by the user of the intended position (e.g., greater trochanter versus iliac crest), or shifting of the greater trochanter beneath the skin due to internal/ external rotation or flexion/ extension of the femur. Accordingly, we recommend that test procedures should incorporate trials where the hip protector is located in several configurations, including (1) positioned according to the manufacturer's instructions, (2) located a specific magnitude and direction away from its intended position (shifted 5 cm in the anterior, posterior, inferior, and superior directions), and (3) positioned in its most likely position during typical use. The latter should be based on measures from at least ten older women (who fit the profile of likely users of hip protectors) while they wear the device. Protectors should be assessed using their recommended garment and method of fixation to the surrogate pelvis.
Testing conditions: temperature, humidity, and prelaundering of hip protectors Most hip protectors are made wholly or partly from polymeric materials, which may exhibit significant temperature and moisture dependence in mechanical properties (typically decreasing in stiffness with increasing temperature). They should therefore be tested under controlled temperature and humidity. The temperature distribution and humidity around a protector in use will vary with the environmental conditions, the clothing worn over it, and the activities of the user. There may be a pronounced temperature gradient from the inside to the outside, and the humidity may also vary widely. Accordingly, at present, we recommend that protectors should be preconditioned for at least 24 h and tested under standard laboratory conditions for polymer testing of 23°C and 50% relative humidity. However, we also note the need for further research to determine how the capacity of hip protectors to attenuate peak force is affected by pad temperature (skin versus room temperature (32°versus 23°C)) and humidity.
Laundering may also influence the mechanical properties and capacity of hip protectors to attenuate peak force, especially with the high temperature washing and drying that is typical of residential care facilities. Furthermore, many hip protectors are sewn-in and unavoidably washed along with undergarments. We therefore recommend that hip protectors be tested before laundering, and after 50 and 100 wash-dry cycles involving temperatures and detergents typically used in residential care facilities.
Outcome variables and numbers of trials
We recommend that at least five trials be conducted for each test condition (i.e., unpadded and padded) with a time interval of at least 3 min between subsequent trials to allow for rebound from deformation of the hip protector and "soft tissues" of the surrogate pelvis. A record should be made of the peak force and time to peak force from each trial and the mean and standard deviation in these parameters over the repeated trials. These raw data should be reported in any report of hip protector testing along with the calculated percent reduction (or attenuation) in the mean value of peak force between the unpadded the padded conditions.
Maintenance and calibration
Attention should be paid to regular maintenance schedules, calibration tests (including measures of peak force and rise b Impact velocities of 2 m/s and 4.5 m/s can be used to simulate a soft fall and a more severe fall, respectively. Peak force will scale accordingly.
c It is likely that in severe sideways falls of tall individuals, or in falls from considerably greater than standing height (e.g., down stairs), the peak force applied to the proximal femur will exceed 4.5 kN. However, the group's philosophy was to assess the protective value of hip protectors when worn by a typical older woman, falling from standing height.
time for various specified test conditions), and inspection and replacement of damaged soft tissue or other components.
Data interpretation and pass/fail criteria
The primary aim of biomechanical testing of hip protectors should be to separate those protectors that are likely to prevent the majority of fractures in the target population from those that are not. Accordingly, hip protectors should be designed so that under typical fall-loading testing conditions, the peak force at the femoral neck is reduced well below the value which typically fractures the proximal femur of older women. This threshold value might be set at the median femoral strength (of 2,966 N, as discussed above), one standard deviation below the median strength (2,966-1, 117=1,849 N) or even two standard deviations below the median strength (2,966-2,234=732 N; although this latter criteria may be satisfied only by a rather thick pad or an active inflatable pad). However, before promoting a specific pass-fail criterion for determining the market suitability of hip protectors, clinical studies are required to verify such an approach. Unfortunately, no clinical trials to date have clearly demonstrated that a particular protector is effective to serve as a gold standard for alternative designs. Until such data exist, we suggest that the main value of biomechanical testing is to compare the relative protective value of various devices. We also recommend that the main outcome variable from testing should be the peak force measured at the femoral neck (or acetablum or greater trochanter), since there are considerable data on the compressive force that tends to cause failure of the elderly cadaveric femur (as described previously). Alternative outcomes, such as energy absorption in the bone or peak stress (or strain) generated during impact [51] , are currently less attractive given our more limited understanding of the energy absorption or state of stress required to cause failure of the proximal femur.
Finally, we again refer the reader to our companion paper, which provides recommendations on the design of clinical trials of hip protectors.
Conclusions
Hip protectors represent a promising method for preventing hip fractures. However, standards are required by both designers and users for test systems to measure the protective value of hip protectors. An appropriate outcome variable from testing is the peak compressive force at the femoral neck and percent reduction in peak force provided by a given hip protector, when compared with unpadded conditions.
To provide reasonable estimates and comparisons of the capacity of hip protectors to attenuate peak force, test systems should accurately simulate the anatomy, effective mass, effective stiffness, and impact velocity of the body during a fall on the hip. Table 2 lists recommended design specifications for test systems based on our review of existing knowledge.
A crucial priority for biomechanics researchers is to conduct experiments to gain an improved understanding of the dynamics of falls and the factors which govern force development. Of specific interest are the mechanical properties and functional anatomy of the soft tissues and bony structures surrounding the hip region, especially in older at-risk populations. Such research will allow for further refinement of hip protector test methods, an essential step in the evolution of more clinically effective products. Finally, while data are available on the strength of the proximal femur, it is difficult to identify specific passfail criteria for hip protectors until clinical trials demonstrate that a particular protector is effective to serve as a gold standard. Until such data exist, the main value of biomechanical testing is to compare the protective value of new and existing hip protectors.
